I. INTRODUCTION
The goal of mammography is to achieve the image quality required for a given detection task, while ensuring that the patient absorbed dose is kept as low as reasonably achievable. 1 In comparison to conventional screen-film imaging, the amount of radiation used to generate a digital image could be increased ͑or decreased͒ by over an order of magnitude with no significant change on the displayed image intensity. In addition, the quality of the x-ray beam ͑i.e., half-value layer͒ used to acquire the digital radiograph may be adjusted by modification of the x-ray tube voltage ͑i.e., kVp͒. 2 It is of interest to quantify how modification of the x-ray tube mAs and kVp affect image contrast and noise, since this knowledge may be used to help optimize imaging performance. [3] [4] [5] The choice of x-ray tube voltage and mAs will also affect the patient average glandular dose. 6 One important goal for using a digital imaging system is to attempt to keep patient doses as low as reasonably achievable. 7 In principle, this may be achieved by adjusting the radiographic technique factors ͑mAs and kVp͒ to maintain a constant image quality and selecting that technique factor that minimizes the patient dose. Information as to how the image contrast to noise ratio ͑CNR͒ and patient dose vary with technique factors is of obvious importance. Knowledge of the dose versus image quality relationship will enable doses to be minimized at a constant image quality, or would permit any improvements in CNR to be quantitatively balanced by any corresponding increases in patient dose. [8] [9] [10] [11] Digital mammography separates the process of image acquisition from any subsequent image display, which should permit all the acquired image information to be optimally displayed to the observer and ensure that imaging performance is only limited by the acquired CNR. 2, 12 In this study, we investigated the CNR of a simulated mass and the corresponding absorbed dose performance of a digital mammography system that uses a CsI scintillator. Both the x-ray tube output ͑mAs͒ and x-ray tube voltage ͑kVp͒ were systematically varied, and the corresponding changes in image quality and dose were quantified. Results obtained in this study quantify the tradeoffs between dose and image quality in digital mammography for the detection of simulated masses in an average size breast. Information obtained in this study is expected to help the process of optimizing clinical mammography.
II. METHOD

A. Digital mammography system
The full field of view digital mammography system ͑LO-RAD, Danbury, CT͒ is a mosaic of 12, 1600ϫ1600 pixel Charge Coupled Devices ͑CCDs͒ coupled by 2:1 fiber optic tapers to a large area thallium-activated cesium iodide ͑CsI:Tl͒ scintillator plate. The active image area of the image receptor covers an 18.6 cmϫ24.8 cm field. The corresponding image pixel matrix size is 4800ϫ6400. The pixel size at the scintillator surface is 40 m, resulting in a Nyquist spatial frequency of 12.5 cycles per millimeter. A conventional linear grid ͑5:1 grid ratio͒ is employed to reject scattered x-rays.
A CsI:Tl scintillator converts the incident x-ray photons to light that is transmitted through the fiber optic tapers to the solid state CCD device. The CCD converts the visible photons to electrons, and the CCD output is digitized at a 14-bit depth to produce the high dynamic range required for digital mammography. 16 The CsI:Tl scintillator-fiber optic taper-CCD assembly is housed in a sealed chamber with the CCDs being thermally stabilized at a low temperature.
In screen-film radiography, dense objects appear white since little radiation is transmitted, which is the reverse of digital radiography, where regions receiving the largest radiation exposure would appear the brightest. This digital mammography unit acquired image data with intensity values ranging from 0 to 16 383. The digital mammography system automatically inverts the gray scale values by subtracting the measured intensity from 16 383. The pixel values generated were corrected by subtracting them from 16 383, and they therefore correspond to the magnitude of the signal generated by the incident x-ray beam intensity.
B. Exposure of ACR phantom
A standard American College of Radiology ͑ACR͒ phantom 17 was used to acquire digital images at different values of x-ray tube voltage ͑kVp͒ and tube current-exposure time product ͑mAs͒. The phantom has a composition and a thickness that is equivalent to a 4.2 cm compressed breast consisting of 50% glandular and 50% adipose tissue. The phantom was radiographed with an acrylic disk ͑4 mm thick and 1 cm diameter͒ located above the bottom row of masses. The detection of this disk was the diagnostic task used in this study to quantify how image quality of this digital mammography system varied with changes in radiographic technique. The x-ray spectrum was generated using a molybdenum target and a molybdenum filter ͑25 m͒. In one experiment, the x-ray tube voltage was kept constant at 28 kVp and digital images were generated at tube current-exposure time product values ranging from 5 to 500 mAs. In a second experiment, the tube current-exposure time product was kept constant at 80 mAs, and the x-ray tube voltage was varied between 24 and 34 kVp. In addition, a series of five additional repeat images were obtained at 28 kVp and 80 mAs to provide data on the experimental precision of the image quality measurements. Table I summarizes the three series of experiments performed with the ACR accreditation phantom. Measurements were made of the entrance skin exposure and half-value layer using the recommended protocols of the ACR. Entrance skin exposure measurements were converted into corresponding values of average glandular dose for a standard 4.2 cm compressed breast using data provided in the ACR manual.
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C. Contrast and noise
The ACR accreditation phantom was imaged with an added disk that is 4 mm thick and 1 cm in diameter. Relative values of disk image contrast ͑C͒ were obtained as the difference between the average disk intensity (I disk ) and the surrounding average background intensity (I background ), and normalized by the average background intensity, so that
The value of C in Eq. ͑1͒ was always a positive value since the intensity in the background region was greater than that behind the disk. The region of interest ͑ROI͒ used to determine the average signal intensities in the background and disk regions was a square with a size of approximately 55ϫ55 pixels. The ROI was located at the center of the disk to determine the value of I disk , and 5 mm below the disk for the determination of I background .
In the background area with a nominal uniform exposure, the mean intensity value is I background , and the measured standard deviation is . The relative noise level, N, is then given by
The contrast to noise ratio ͑CNR͒ was obtained from the ratio of measured contrast ͓Eq. ͑1͔͒ to the corresponding noise ͓Eq. ͑2͔͒. The CNR is thus given by The CNR is the ratio of the image contrast to the random fluctuations about the background intensity value measured using the same scale. Equation ͑3͒ is independent of the lesion disk diameter, and does not predict imaging performance for the ''detection'' of this type of disk in a uniform background. Only relative changes of CNR are used in this study, and no significance is attached to specific values of the CNR defined by Eq. ͑3͒ and reported here. Figure 1͑a͒ shows the average signal intensity in the background region plotted as a function of the selected mAs value at a constant x-ray tube voltage ͑28 kVp͒. Figure 1͑a͒ shows the expected linear response, with a slope of about 30 pixel values per unit mAs. It is also evident that the digital system has not saturated at the maximum 500 mAs value used in this experiment; extrapolation of the data in Fig. 1͑a͒ shows that the system would saturate at a tube currentexposure time product of ϳ540 mAs for an x-ray tube voltage of 28 kVp. At 28 kVp, the entrance skin exposure to the ACR phantom was 15.2 mR/mAs. Figure 1͑b͒ shows the average background signal intensity as a function of kVp at a constant tube current-exposure time product ͑80 mAs͒, where both the ordinate and abscissa are presented using a logarithmic scale. This shows the supralinear response expected when the x-ray tube voltage is increased at a constant mAs value. The solid line depicted in Fig. 1͑b͒ has a slope of 5.80, and thus the measured signal intensity is proportional to kVp 5.8 .
III. RESULTS
A. Digital detector characteristics
B. Experimental precision
Seven repeat experiments were available for an analysis at 28 kVp and 80 mAs. The intensity values in the disk region ranged from 1883 to 1886, and the intensity values in the background region ranged from 2414 to 2418. The measured standard deviation in the disk region ranged from 16 to 17, and the measured standard deviation in the background region ranged from 18 to 19. These data clearly indicate that the digital mammography system is very stable. It is also evident that the precision of any noise measurements will be limited to only two significant figures.
The measured precision for image contrast was Ͻ0.2%, and the corresponding precision for image noise was 2.9%. The overall measured precision for disk CNR was 3%. Error bars in the figures below indicate this experimental precision at data presented for 28 kVp and 80 mAs, unless the size of the error bar was too small to be visible.
C. Contrast and noise
Image contrast was found to be independent of the selected mAs value, which confirms that subject contrast does not depend on the radiation intensity. Figure 2 shows image contrast as a function of x-ray tube voltage, which exhibits the expected decrease in contrast with increasing x-ray tube voltage. Increasing the x-ray tube voltage from 24 to 34 kVp reduced the image contrast by 21% ͑i.e., 1.9% per unit increase in kVp͒. Figure 3͑a͒ shows how the image noise varied with mAs, where the ordinate and abscissa are plotted on a logarithmic scale. The solid line is a least squares fit of a straight line to the experimental data (r 2 ϭ0.98), with a slope of Ϫ0.506. Since the slope of the curve in Fig. 3͑a͒ is very close to the value expected for an imaging system with a noise that is determined by quantum mottle ͑i.e., a slope of Ϫ0.500͒, this digital mammography system may be taken to be quantum noise limited over the complete dynamic range investigated ͑i.e., 5-500 mAs͒. Figure 3͑b͒ shows the measured image noise versus x-ray tube voltage. The data in Fig. 3͑b͒ show that as the x-ray tube voltage increases, the noise level is markedly reduced. Increasing the x-ray tube voltage from 24 to 34 kVp reduced the image noise by approximately 55.8%. We investigated the importance of the location of the background ROI for determining image noise and contrast. A second ROI was identified 5 mm above the disk, and we compared the measured value of contrast and noise with those described above for a ROI located 5 mm below the disk. For the 12 images in the mAs series, the average intensity ratio of two background regions was 1.002, and the corresponding average ratio of the measured standard deviations was 1.026. These data indicate that the choice of background ROI location had no significant effect on the resultant image noise and contrast values. Figure 4 shows the CNR data for varying x-ray tube voltage at a constant 80 mAs. Raising the x-ray tube voltage from 24 to 34 kVp increased the CNR by 78%. Increasing the kVp reduces image contrast ͑see Fig. 2͒ , but this is more than offset by a corresponding reduction in image noise ͓see Fig. 3͑b͔͒ . The rate of increase of CNR with x-ray tube voltage falls off with increasing kVp. At 24 kVp, the value of CNR increases by 14% per kVp, at 28 kVp the rate of increase falls to 6.4% per kVp, and at 34 kVp the CNR increases by only 0.8% per kVp. Table II summarizes the absorbed dose data obtained for this digital mammography system as a function of x-ray tube voltage. At 28 kVp and 80 mAs, the average glandular dose was 2.16 mGy. At this constant x-ray tube voltage, the average glandular dose is directly proportional to the selected mAs value. At a constant 80 mAs, increasing the x-ray tube voltage from 24 to 34 kVp increased the average glandular dose from 1.12 to 4.32 mGy ͑i.e., 285%͒.
D. Radiation dose
For a given x-ray tube voltage, the image CNR can be adjusted by modification of the mAs used to acquire these images. Figure 5 shows how the mAs would need to be reduced with increasing x-ray tube voltage to maintain the CNR observed at 24 kVp. Figure 6 shows the variation of the average glandular dose with x-ray tube voltage at a constant CNR for the detection of this type of simulated mass lesion. For this standard 4.2 cm compressed breast with a 50% glandularity, the lowest radiation exposure occurs at 27.3 kVp when image quality ͑i.e., CNR͒ is kept constant. Increasing or decreasing the x-ray tube voltage by 2.3 kVp from the optimum kVp increased the average glandular dose values by 5%.
IV. DISCUSSION
The data in Table II indicate that the x-ray tube output ͑i.e., entrance skin exposure͒ in mammography varies by approximately kVp 3.05 . By comparison, a kVp 2 dependence is normally expected in the diagnostic imaging range. 18 For an average size breast, the detected intensity shows an even greater dependence on x-ray tube voltage ͑i.e., kVp 5.8 ͒, that reflects the nonlinear dependence in x-ray beam transmission through the ACR phantom as a function of the x-ray tube voltage. These data demonstrate that small changes in x-ray tube voltage will have relatively large effects on the x-ray tube output and detected signal intensities. Changing the x-ray tube voltage from 28 to 29 kVp, for example, increased x-ray tube output by ϳ11%, and the corresponding detected signal intensity by ϳ22%.
The slope of the curve in Fig. 3͑a͒ is approximately Ϫ0.5, demonstrating that quantum mottle is the dominant source of image noise. However, the experimental data shown in Fig.  3͑a͒ deviate from a simple power law relationship with an exponent of Ϫ0.5. It is evident that there are additional noise sources in this digital mammography imaging system. Electronic noise is the most likely additional noise source at low exposures; structured noise and a non-linear response of the CCD are the most likely noise sources at the highest exposure levels. 19 Nonetheless, quantum mottle is the dominant source of image noise in the clinically relevant exposure range taken to be between 40 and 200 mAs; this feature permits image CNR to be readily adjusted by modifying the selected mAs. When performing clinical mammography, increasing the mAs by a factor of 2 is expected to improve the image CNR by approximately 41%.
The detected x-ray signal varies as kVp 5.8 , and if this were simply due to a proportional increase in the number of photons, the slope of a plot of log ͑noise͒ versus log ͑kVp͒ would have a slope of Ϫ2.9, as shown by the dashed line in Fig. 3͑b͒ . The experimental data deviate significantly from this value because the increased signal is a result of increased energy deposition in the CsI detector due to the higherenergy photons transmitted through the phantom at higher x-ray tube voltages. Increasing the x-ray tube voltage from 28 to 34 kVp reduced the noise by 32%, whereas a slope of Ϫ2.9 would have produced a reduction of 44%.
For screen-film mammography, current regulations in the United States limit the average glandular dose to 3 mGy, and typical clinical systems normally operate at average glandular doses of about 1.5 mGy. 20 The average glandular dose at 28 kVp/80 mAs on this mammography imaging system was 2.16 mGy. At 28 kVp, using 56 mAs would result in patient doses comparable to those encountered in screen-film radiography ͑i.e., 1.5 mGy͒, whereas reducing the x-ray tube voltage to 25 kVp would require approximately 90 mAs corresponding to an average glandular dose of 1.5 mGy.
The choice of x-ray tube voltage in screen-film radiography is guided by an attempt to maximize image contrast. In digital mammography, however, selecting the x-ray tube voltage and mAs, should achieve a signal-to-noise ratio that enables an accurate diagnosis to be made, and that also minimizes the patient dose. 21 The data in Fig. 6 show that for the task of detecting a simple disk-type lesion, 27.3 kVp results in the lowest average glandular dose, and would therefore be deemed to be the optimal x-ray tube voltage. It is possible to define image noise ͓see Eq. ͑2͔͒ as the relative standard deviation for a ROI located in the disk rather than the background region. An analysis of the relative CNR vs kVp with the noise defined in this alternative manner resulted in an optimum kVp of 27.8 kVp, which differs by 0.5 kVp from the value obtained when the noise was defined using Eq. ͑2͒.
The experimental results obtained in this study can be compared with recent calculations performed by Dance et al. 22 performed with a Gd 2 O 2 S screen. For a molybdenum target and molybdenum filter similar to those used in this study, Dance et al. observed a radiation dose minimum at 26.3 kVp for a 5 mm thick glandular tissue lesion in a 4 cm thick breast with 50% glandularity. The optimum x-ray tube voltage for a mass was close to the dose minimum of 27.0 kVp obtained for a 200 m calcification. It is noteworthy that these theoretical calculations also showed that x-ray tube target/filter combinations that increased the x-ray photon energy ͑e.g., Mo/Rh; Rh/Al; Rh/Rh; W/Rh͒ could reduce patient doses by up to 15% while maintaining a constant level of image quality.
In digital mammography, imaging performance is task dependent 23 and will generally be different for microcalcifications and masses. 24, 25 The photon energy dependence of lesion detection will depend on the type of object that is being detected. Accordingly, there may be different optimal values for malignant masses and calcifications because of the different effective atomic numbers of these types of materials. 26 Detection performance may also depend on the specific size and shape of the lesion, breast composition and thickness, 27 as well as the nature of the structured breast background. 28 In these cases, a detailed analysis of the spatial frequency-dependent noise and resolution performance of the mammography imaging system may be required to generate a full description of the overall signal to noise ratio. It is possible that for more complex imaging tasks than the one adopted in this study could result in optimal x-ray tube voltages that differ from the value of 27.3 kVp.
Digital mammography systems are likely to significantly differ in terms of the x-ray spectra, 29 and also use different types of x-ray detector systems to acquire the image. The object under investigation was relatively large, and thus spatial resolution is not a significant factor to be included in analyzing relative imaging performance with radiographic technique factors. Differences between this imaging system and other comparable types of digital mammography systems relate to the effective photon energy of the x-ray beam as well as the scatter to primary ratio in the detected x-ray signal. Differences in the effective photon energy and the scatter to primary ratio at the image receptor could result in different values of the optimum x-ray tube voltage for this type of imaging task. One important advantage of using a standard phantom for assessing dose and image quality is the ability to directly compare two systems. 30 The results reported in this study were obtained with an ACR phantom readily available in other laboratories that permits our results to be directly intercompared with those achievable for any other type of digital mammography imaging system.
